Abstract-Mild hyperthermia is increasingly important for the activation of temperature-sensitive drug delivery vehicles. Noninvasive ultrasound thermometry based on a 2-D speckle tracking algorithm was examined in this study. Here, a commercial ultrasound scanner, a customized co-linear array transducer, and a controlling PC system were used to generate mild hyperthermia. Because the co-linear array transducer is capable of both therapy and imaging at widely separated frequencies, RF image frames were acquired during therapeutic insonation and then exported for off-line analysis. For in vivo studies in a mouse model, before temperature estimation, motion correction was applied between a reference RF frame and subsequent RF frames. Both in vitro and in vivo experiments were examined; in the in vitro and in vivo studies, the average temperature error had a standard deviation of 0.7°C and 0.8°C, respectively. The application of motion correction improved the accuracy of temperature estimation, where the error range was −1.9 to 4.5°C without correction compared with −1.1 to 1.0°C following correction. This study demonstrates the feasibility of combining therapy and monitoring using a commercial system. In the future, real-time temperature estimation will be incorporated into this system.
I. Introduction U ltrasound-induced hyperthermia has been applied to induce physiological changes and as a method to enhance drug delivery [1] , [2] . although high-intensity focused ultrasound (HIFU) can achieve a temperature of 70 to 80°c for thermal ablation [3] [4] [5] , in mild hyperthermia, the temperature is elevated to 39 to 42°c to enhance vascular permeability [6] , blood flow [7] , tissue oxygenation [8] , drug delivery efficiency [9] , and to decrease pH [10] . local drug delivery resulting from the combination of temperature-sensitive liposomes and mild hyperthermia has been widely shown to be feasible and can improve the treatment of local lesions [11] [12] [13] [14] . according to the arrhenius relationship, the cumulative equivalent minutes at 43°c (cEm43) defines the threshold of thermal dose for cellular mortality [15] . our previous study has maintained a cEm43 below 1 to enhance image-guided drug delivery [11] , [16] . during therapy, temperature monitoring is essential for controlling thermal dose. several modalities have been applied for temperature measurement, e.g., insertion of thermocouples, magnetic resonance imaging (mrI) [17] , impedance tomography [18] , microwave radiometry [19] , [20] , thermal acoustic noise [21] and ultrasound [22] [23] [24] [25] [26] . measurement by inserting a thermocouple into a target tissue is the most direct method and has the advantages of accurate measurement and high spatial and temporal resolution. a thermocouple incorporated within a needle allows insertion into deep tissue. However, creation of a temperature map for the entire treatment volume is not possible with thermocouples. mrI has the required accuracy and spatial resolution, but usage is restricted by the cost and access to the region of interest during therapy. Therefore, ultrasound is an attractive method with imaging-based thermometry, low cost, and convenience.
Ultrasonic temperature measurement uses a temperature-based change in the speed of sound or thermal expansion in the heated region. In each case, the temperature increase is detected by comparing ultrasonic images frame-by-frame over time. The resulting change in the sound velocity results in an apparent speckle displacement in the heated region, and with an adequate acquisition frame rate, the apparent displacement can be measured accurately. miller et al. defined the fundamental limitations of the technique and the minimum ultrasonic snr required to visualize the heated region in liver [27] ; here, within a superficial tumor, a high snr facilitated data analysis. Typically, an additional linear array transducer is applied for b-mode or rF data acquisition, and the images are processed off-line for temperature estimation. a commercial ultrasound scanner has served as the foundation of our system, to which we have added a custom-designed co-linear array ultrasound transducer, modified system software, and a real-time temperature feedback controller. The co-linear array transducer provides the dual functions of imaging and therapy, combining therapeutic 1.54-mHz arrays with a 5.5-mHz imaging array [28] , [29] . low-frequency ultrasound (~1 mHz) has been applied in tissue ablation, cavitation, and hyperthermia. Here, the low-frequency array was optimized for high efficiency and thermal conductivity, whereas the imaging array was optimized for high bandwidth and thus axial resolution [29] . High thermal conductivity on the low-frequency array decreases power loss and increases the energy delivered to the target. The availability of an im-aging array with high bandwidth and a higher center frequency allows the detection of small image changes with temperature, and thus, temperature increases of a few degrees can be detected. our goal has been to very rapidly increase tissue temperature by 4 to 5°c in a tumor region of interest (roI) typically on the order of 5 × 5 × 5 mm. although ultrasound frequencies above 1 mHz increase heat deposition, treatment of large regions is increasingly difficult at higher frequencies (because of the tighter focus) and skin burns are more common for tumors near the skin surface. With the dual array integrated within the clinical scanner, the therapeutic roI can be controlled via the operator interface. because the therapy and imaging beams are pre-aligned, additional alignment between therapy and imaging is not required.
A. Background
noninvasive temperature estimation is accomplished using a correlation-based 2-d speckle tracking algorithm [24] , [30] . This method can be applied on both detected bmode images and rF data. calculation based on b-mode images is convenient for commercial ultrasound scanners; however, the envelope detection algorithm may sacrifice precision compared with processing rF images. Here, we process the rF echoes, providing a sensitive detection of changes of sound speed, and thus temperature. shifts in both the lateral and depth directions can be estimated; however, because of the small temperature increments in this study, only the displacement along the depth direction is estimated. abolhassani et al. has used a 1-d model to describe a relationship between cumulative apparent displacement in depth and thermal strain, which is the derivative of the cumulative displacement with respect to distance [24] . simon et al. derived an expression for the temperature change at depth z, δT(z), with the change of speed of sound and thermal expansion of tissue [31] :
where c 0 (z) is the speed of sound at depth z, δt(z) is the apparent time shift between echoes of successive frames at a depth of z, α(z) is the linear coefficient of thermal expansion for the tissue at z, and β(z) is the linear coefficient of sound speed and temperature. The change in sound speed is approximately 2 m/s/°c in liver tissue for small deviations from the ambient temperature [26] , and in this study, a change of ~13 and ~5 m/s/°c was observed for agarose phantoms and met-1 tumors, respectively. both α(z) and β(z) have units of °c −1 and typically, α(z) (~0.01%°c −1 ) is about one tenth of β(z) (0.07 to 0.13%°c −1 ) [25] , [30] , [32] , [33] . compared with the temperature-induced change in the speed of sound, thermal expansion is very small for water-bearing tissues (such as muscle or the tumors considered here) and can be ignored in mild hyperthermia [24] . The 1/(α(z) − β(z)) term is a key tissue-dependent property and is usually represented as
assuming k(z) and c 0 (z) to be invariant with respect to z, (1) can be represented as
where ΔT(z) is the incremental change in temperature from one sample to another on a given scan line, Δd is the cumulative displacement, Δd = δt × c 0 /2, and (∂/∂z)(Δd) is the thermal strain. an approximately linear relationship exists between thermal strain and the temperature difference at depth z in the mild hyperthermia range. To evaluate this relationship, α and β can be measured or a calibration curve can be developed. There are many gradient operators that can be applied to the cumulative displacements for thermal strain calculation. Here, the sobel operator was used, and the vertical derivative approximation was implemented for thermal strain in the depth direction. The sobel operator provides both differencing and smoothing effects [34] , and the smoothing effect decreases noise that is enhanced by derivative operations.
We chose to acquire several sets of data with varied temperature changes, and applied a calibration curve to represent thermal strain-temperature difference properties for a specified phantom or tumor. Finally, thermometry maps were generated and overlaid upon structural bmode images. Temperatures estimated by our algorithm were validated by thermocouple measurements.
B. Objective
The objective of this work is to explore the use of a dual-frequency co-linear array geometry for simultaneously generating and monitoring mild-hyperthermia temperature distributions both in vitro and in vivo.
II. materials and methods

A. Ultrasound System
The siemens antares ultrasound scanner (sonoline antares, siemens medical systems, Inc., Issaquah, Wa), a customized co-linear array ultrasound transducer, and a temperature feedback system are combined to create a therapeutic ultrasound system (Fig. 1) . The co-linear array transducer consists of three parallel rows of array elements, including two outer rows each with 64 elements at 1.54 mHz and one center row of 128 elements at 5.5 mHz. The two outer rows generate therapeutic beams while the middle array generates the periodic b-mode images at 5.33 mHz for this study. The two therapeutic rows are tilted at 10.6° normally toward to the centerline, and all three rows are co-focused at 35 mm in the depth direction. The co-linear array transducer is installed vertically pointing upward into a double-layer holder; the upper chamber is filled with 37°c water, and the lower chamber contains circulating degassed cold water to improve the efficiency of the transducer. The two layers are separated by a TPX membrane, which is a polymethylpentene material with low distortion of sound waves. The therapeutic target, a phantom (in vitro) or a tumor (in vivo), is placed in the upper chamber for treatment. a 30-gauge × 13-mm T-type needle thermocouple (HyP-1, omega Engineering, Inc., stamford, cT) is inserted into the center of the target for real-time temperature monitoring. The focus of the therapeutic beam is located at the tip of this thermocouple. In the in vitro studies, two bare-junction thermocouples (PT-6, Physitemp Instruments, Inc., clifton, nJ) are inserted into the phantom on each side of the needle thermocouple for multiple-temperature examination. The time constants of the HyP-1 and PT-6 thermocouples are < 0.25 and 0.01 s, respectively. Temperature measurements are then fed back to an analog-to-digital converter (nI scXI-1600, national Instruments co., austin, TX), and the temperature from the needle thermocouple is processed by a proportional-integral-derivative (PId) controller embedded in a labVIEW program (national Instruments co.) on a Pc for closed-loop control. besides the regular proportional (K p ), integral (K i ), and derivative (K d ) parameters, this system uses an anti-windup term (K wu ) to prevent overshoot and improve the system stability [35] . The total acoustic power (TaP) is variable, and the labVIEW system generates pulses whose repetition rate is controlled by the PId algorithm by sending commands to the antares scanner through the diagnostic user interface (dUI). The dUI is an Internet-based interface specific to the siemens antares that allows access to software and hardware variables to control the scanner.
The primary PId control parameter is duty factor (dF), which is converted to the pulse repetition frequency (PrF). The PrF limit in this system is between 100 and 5000 Hz, corresponding to a dF from 0.0065 to 0.325. The length of the therapeutic pulse is fixed at 100 cycles, and the mechanical index is maintained below 1.9 to avoid cavitation.
To generate an image with a varied temperature, insonation was directed only along one line of sight, as shown in Fig. 2 . over the range of depth explored here, all therapeutic elements contribute to the single transmitted beam [ Fig. 2(a) ]. This mode utilizes some pulsed doppler functions, allowing a doppler cursor to be used to locate the focus of the therapeutic beam. The focal volume is an ellipsoid, and the half-power beam profile is 1 × 9 × 1.5 mm in lateral, depth, and elevation dimensions, respectively [ Fig. 2 (b), the elevation direction is not shown]. The beam profile was measured by a hydrophone (müller-Platte needle probe, onda Inc., sunnyvale, ca). The TaP of the single beam mode was measured using a radiation force balance (UPm-dT-1aV, ohmic Instruments co., Easton, md). during therapy, the TaP was maintained at a maximum power of 3.84 W, which corresponds to an acoustic pressure of 2.04 mPa and mI of 1.64.
B. Acquisition Frame Rate Determination
This system takes advantage of periodic b-mode image updates interleaved between therapy transmissions. The rF images (backscattered image data) are stored on the antares scanner for offline temperature estimation. during acquisition, a suitable b-mode frame rate is necessary to prevent aliasing and maintain detectable apparent displacement. To prevent aliasing, if an roI for the entire target (a phantom or a tumor) is chosen and the temperature distribution in the depth direction is approximately modeled as a Gaussian distribution, the following relationship can be established:
where L denotes the change in sound speed for every degree celsius increase; D(y) describes the temperature distribution in the depth direction within the target roI, c is the speed of sound (defined to be 1540 m/s in this study) and G(y) is a normalized Gaussian distribution centered at the insonation focus. ΔT incr. is a variable describing a range of temperature increase. The target roI is divided into infinitesimal segments of length dy (m); t is the period of the carrier frequency (s). Eq. (4) indicates that the difference in the two-way travel time with and without heating must be less than one-half of a period of the carrier Fig. 1 . schematic representation of the insonation structure. Therapy (1.54 mHz) and imaging (5.33 mHz) are generated by separate arrays that are combined within a single housing, both driven by the siemens antares. cool water is applied to the transducer surface and warm water to the skin of the mouse. a labVIEW program controls the therapeutic pulses, with the parameters sent to the antares through the diagnostic User Interface (dUI).
frequency to avoid aliasing. The solution is to find ΔT incr. such that equality in (4) is established, and in which D(y) can be defined as
where ΔT max is the maximum acceptable temperature increase between two contiguous frames. Therefore, the lower bound of the acquisition frame rate, Fr low , based on a temperature rise of R °c/sec during heating is
on the other hand, to establish the minimum detectable apparent displacement, a relationship similar to (4) is established:
where p is the detection limit and is equivalent to one sample in depth (i.e., one pixel) if interpolation is not applied. Eq. (8) shows that the cumulative apparent displacement in the target roI cannot be less than the detection limit. solving the equations (5) and (8), a ΔT min can be found to establish the equality in (8) . ΔT min is a minimum acceptable temperature increase, and the upper bound of the acquisition frame rate is
The default acquisition frame rate of the system is faster than the upper bound, and frames are sampled such that the effective frame rate is between the two bounds established above. oversampling of frames may be necessary in in vivo studies with substantial motion of the target.
C. Algorithm for Noninvasive Temperature Estimation
Procedures for achieving temperature estimation included the following steps (Fig. 3) . motion correction was accomplished, speckle displacement was estimated based on the 5.33-mHz image (with ~2.3λ resolution at 5.33 mHz) and the result was filtered. next, strain was estimated based on the therapeutic transducer wavelength (~2.3λ resolution at 1 mHz).
1) RF Image Frame Acquisition, Motion Correction and
Selection of Image Frames: rF frames were acquired by the 5.5-mHz center imaging row (operating at 5.33 mHz frequency) between each two therapeutic pulses [ Fig.  3(a) ]. In Fig. 3(a) , P denotes therapy pulsing, with duration dependent on the PrF, which was variable depending on the feedback controller; a denotes image acquisition, which occurred between therapy pulses. The image frame was 20 mm in height and 38 mm in width. Gross motion correction to compensate for displacement was applied in in vivo studies, with the superficial tumor and skin used as a reference for correction. square correction roIs of dimension 4.5 × 4.5 mm (~15λ at 5.33 mHz, λ is the wavelength) were processed to yield a normalized correlation coefficient between successive image frames and the first image frame, the shift was estimated and the frames were aligned. The non-insonified area of the image was then selected to examine the effect of the alignment (Fig. 4) by computation of the autocorrelation, which was defined as where sP r and sP s are kernel regions in the reference image and subsequent images and SP is the mean over the region, respectively. assuming the size of the examination roI is a × a, and the size of sP is
. cc a is the autocorrelation map and the mean value of cc a describes the autocorrelation coefficient with respect to the reference frame. by examining the autocorrelation, the coefficient as a function of frame number is plotted to show the improvement resulting from motion correction [ Fig. 3(b) ]. In our study, each frame was assumed to translate without warping or rotation. The image dimension was cropped to 17.4 mm in depth and 22.7 mm in the lateral direction for in vitro studies, and 15.4 mm in depth and 22.7 mm in the lateral direction for in vivo studies.
2) Apparent Displacement Calculation:
In the apparent displacement calculation, a kernel with a dimension of 0.7 × 0.7 mm was defined based on the size of the resolution cell (2.3λ at the imaging frequency of 5.33 mHz), because the sensitivity of speckle tracking is highly dependent on the kernel size. a 2-d speckle tracking algorithm was applied, in which a normalized correlation coefficient was calculated for the apparent displacement in the depth and lateral directions. The normalized 2-d speckle tracking algorithm is typically defined as (11), see next page, where sP k and sP s are kernel and search regions in the second and first images, respectively [24] . (i, j) describe the pixels in the kernel area, and (m, n) is the searching range. (i, j) is a subset of (m, n), i.e., i = 0, 1, 2, …, m − 1; j = 0, 1, 2, …, n − 1. cc s (m, n) is a matrix of the cross-correlation values. comparing the peak location of cc s (m, n) with the center location of sP k , the shift shows the apparent displacement. 3 . Procedures for temperature estimation. a series of rF images were acquired (a), and motion correction was applied for alignment (b). 2-d speckle tracking was used for displacement calculation (c), and a smoothing filter and interpolation were applied (d). a gradient operator was applied, and the resulting strain was processed by power, displacement and strain threshold filters (e and f). The filtered strain was converted to temperature by a calibration function (g) and then overlaid on a b-mode image (h). The peak temperature increase occurred on the left side of the image, where the bright thermocouple can be visualized within the b-mode image. Fig. 4 . radio-frequency frame acquired before insonation, with approximate tumor region outline. Water bath was present above the skin line. an insonified roI is circled, with a thermocouple placed within this region. a square non-insonified roI was selected for autocorrelation to examine motion correction.
Each pair of two contiguous selected frames was compared to generate an incremental displacement map. a 1.4 × 1.4 mm median filter (4.6λ at 5.33 mHz) was applied to each incremental displacement value, and finally these displacement maps were summed to produce a cumulative displacement map of the image series [ Fig. 3(c) ]. The change of sound speed dominates lateral speckle shifts during mild hyperthermia, and therefore displacement in the depth direction was used for the thermal strain calculation.
3) 2-D Smoothing Filter, Interpolation, and Thermal Strain Calculation:
To smooth the cumulative displacement maps, a 2-d mean filter with dimensions of 2.3 × 2.3 mm (2.3λ at 1.54 mHz) was applied (smooth2a, Greg reeves, matlab central open exchange community, The mathWorks, Inc., natick, ma). after smoothing the apparent displacement maps, the axial resolution was not interpolated, and lateral interpolation of 11.75 times was applied to improve resolution and to create isotropic pixel dimensions [ Fig. 3(d) ]. a basic sobel operator uses two 3 × 3 kernels for horizontal and vertical derivative approximation and the kernels are defined as 
where S x and S y are the horizontal and vertical derivative components, respectively. by convolving these two kernels with a source image, a derivative approximation can be achieved. In our study, sobel operators with dimensions from 0.06 × 0.06 to 3.30 × 3.30 mm (corresponding to 3 × 3 to 171 × 171 pixels) were compared, and the effect of operator size was calculated by (13), see above, where the normalized thermal strain maps were defined by dividing the map by the maximum value on the strain map, and the normalized maps processed by operators with varied dimensions were subtracted from each other, followed by the absolute-value operation and summation of the differ- 
4) Filtering and Thresholds:
artifacts and noise were eliminated in further processing. Here, an echo-power threshold of ~33 db was used to identify the area with sufficient echo-power intensity [ Fig. 3(e) ] and set strain to zero in regions outside the phantom or subject. a displacement threshold was used to set the strain to zero when the displacement values were below a defined level (on the order of one pixel). Finally, a strain threshold was used to define a minimum strain, assumed to be 0 to 0.2 mm/mm for our imaging conditions [ Fig. 3(f) ]. Thus, the strain was set to zero when the echo power, displacement, or strain was below the relevant threshold.
5) Calibration and Conversion to Temperature Maps:
because thermal strain is approximately linearly proportional to the actual temperature difference in the mild hyperthermia range, a calibration curve was applied to convert the strain map to a temperature difference map. a series of image frames with a known temperature rise was processed to generate in vitro and in vivo [ Fig. 3(g) ] calibration curves, and temperature difference maps were then generated, the temperature offset added and the result overlaid on b-mode images [ Fig. 3(h) ].
D. Experimental Setup 1) Phantom Experiments (In Vitro)
: an agarose phantom (containing silicon carbide particles) that has properties similar to soft tissue was applied in our in vitro experiments. Three percent agarose powder, 4% silicon carbide, 3% glycerol, and 90% distilled and degassed water were combined, followed by heating until boiling and boiling for 1 to 2 more minutes to dissolve components. The so- 
lution was then cooled to 50 to 55°c and poured into a cuboid mold with inner dimensions of 25 × 25 × 20 mm. before insonation, three calibrated thermocouples were inserted into the phantom perpendicular with the lateraldepth plane of the co-linear transducer. The three thermocouples were placed at a single depth, spaced 4 mm and 10 mm lateral to the middle thermocouple; a needle thermocouple was positioned in the center and bare-junction thermocouples were placed on the side. The phantom was placed in the insonation chamber filled with room-temperature water. after the thermal equilibrium was reached, insonation along a single beam was applied in the center of the image, and the insonation focus was centered on the middle thermocouple. rF image frames were acquired during insonation and the acquired rF images were then processed off-line. during insonation, the reading of the middle thermocouple was used for temperature feedback control. sequences generating four different peak temperature increases (2.5, 4.3, 5.8, and 7.4°c) were executed for the calibration curve. The range of temperature elevation in the in vitro study was 2.5 to 7.4°c.
2) In Vivo Studies:
all in vivo studies were approved by the Uc davis Institutional animal care and Use committee (IacUc). Five female FVb mice were implanted with met-1 tumor fragments in the fourth right and left mammary pads, and tumors were grown to a 10-mm diameter size for treatment. before insonation, each mouse was anesthetized using 2% isofluorane-inhaled anesthesia and then shaved to remove all hair surrounding the tumor. Each mouse was placed on the insonation holder with the tumor facing down and submerged in a 37°c warm water bath. a needle-type thermocouple was inserted near the center of the tumor, and a doppler cursor was used to locate the insonation focus on the thermocouple tip. The development of temperature distribution maps was done with the doppler cursor in a fixed position. after the tumor reached the 37°c equilibrium state, insonation began and rF images were acquired. Five rF image series were acquired (as in Fig. 4) , which corresponded to a peak temperature increase of 1.8, 2.4, 3.3, 5.2, and 5.6°c. The range of temperature elevation in the in vivo study was 1.8 to 5.6°c.
III. results
With a transmitted center frequency of 5.33 mHz, the corresponding period of one cycle is ~0.19 μs and half of a period was used for the determination of the lower bound of the frame rate. The digitization precision of the ultrasound image in the axial direction was 0.0193 mm. When computing the apparent displacement, 10× interpolation was applied to the in vivo data to handle the small phase shifts resulting from motion. Therefore, the axial resolution (digitization precision) of the apparent displacement maps was 0.0193 mm in vitro and 0.00193 mm in vivo. The rate of temperature increase was measured as ~0.1°c/sec both in vitro and in vivo. based on (4)-(9), the range of frame rate satisfying aliasing and detection limits was 0.05 to 0.2 Hz in vitro and 0.02 to 0.6 Hz in vivo. after downsampling of the frames, the applied frame rates were ~0.15 Hz and ~0.3 Hz for in vitro and in vivo studies, respectively.
after motion correction, the autocorrelation of each frame with the first frame was evaluated to assess the accuracy of motion correction (Fig. 5) . The range of the autocorrelation coefficient is between 1 and −1, corresponding to a perfect match of two roIs (zero-wavelength shift) or a half-wavelength displacement, respectively. In Fig. 5 , in vivo frame series with peak temperature increases of 1.8, 3.3, and 5.2°c were compared. after the correction algorithm, the maximum differences in autocorrelation coefficients between two consecutive frames decreased from 170% to 1%, 160% to 10%, and 120% to 40% for 1.8, 3.3, and 5.2°c series, respectively. In Figs. 5(a) , 5(c), and 5(e), the discontinuities in the curves were produced by tissue motion, and were reduced after alignment of the frames [Figs. 5(b), 5(d), and 5(f)]. In some cases, the simple linear displacement algorithm applied here was insufficient to restore the frame-to-frame correlation and such frames were not used in apparent displacement calculation.
The correlation coefficient at the insonation focus was also examined as a function of the temperature increase [ Fig. 6(a) ]. In vitro and in vivo studies showed that the correlation coefficient decreased as the temperature increased, indicating that a higher temperature increase resulted in a greater apparent displacement. With a tem- perature increase up to 2.5°c, the correlation coefficient decreases from 1 to 0.67 and 0.35 for in vitro and in vivo studies, respectively. r 2 values of 0.93 and 0.64 for in vitro and in vivo studies, respectively, also showed that both in vitro and in vivo tests had a linear relationship between correlation coefficients and temperature increase.
In the far field, assuming the temperature distribution profile along the depth direction is a Gaussian function, the predicted cumulative apparent displacement at the insonation focus will increase exponentially as a function of temperature. When the temperature increase is limited to several degrees celsius, this relationship can be approximated as a linear function. both in vitro and in vivo data were examined in Fig. 6(b) , showing that at the insonation focus the cumulative apparent displacement is approximately proportional to the temperature increase.
as the temperature increased, the region within which a displacement was detected broadens (Fig. 7) . maps of in vitro displacement before filtering and interpolation demonstrated the increasing amplitude and spatial extent of displacement as the temperature increased from 2.5 to 4.3, 5.8, and 7.4°c, respectively [ Figs. 7(a)-7(d)] . larger values denote greater displacement toward the transducer surface. The largest cumulative displacement was 0.039, 0.077, 0.154, and 0.193 mm for peak temperature increases of 2.5, 4.3, 5.8, and 7.4°c, respectively. as a result of heat diffusion, the −6-db width of the displacement was 4.93, 8.50, 11.93, and 13.33 mm in Figs. 7(a)-7(d) .
sobel operators with a range of different sizes were examined on the in vitro 4.3°c sample (Fig. 8) . Pairs of successive points show a normalized intensity difference resulting from a 0.19-mm difference (10 pixels) in the size of the operator. The normalized intensity difference decreased as the sobel operator size increased [ Fig. 8(a) ]. Three pairs of subtracted images are shown, including subtractions between 0.06 and 0.98 mm [ Fig. 8(b) ], between 0.98 and 1.95 mm [ Fig. 8(c)] , and between 1.95 and 2.91 mm [ Fig. 8(d) ], corresponding to a cumulative intensity difference of 5.9 × 10 3 , 2.1 × 10 3 and 1.6 × 10 3 , respectively. In Fig. 8(a) , when the operator dimension was greater than ~2.3 mm, the normalized intensity difference stabilized. Therefore, an operator dimension of 2.3 × 2.3 mm (and smoothing filter with the same dimension) was applied for thermal strain calculation in this study.
From (3), we assume the tissue parameters α and β are constant in the experiments, and the thermal strain is approximately proportional to the temperature difference. The in vitro and in vivo calibration curves show this relationship (Fig. 9) . In each case, four data sets were applied for linear regression, and the r 2 values were 0.89 and 0.85 for in vitro and in vivo data, respectively. The slope in Fig. 9 denotes the values of (α − β), which are −0.16% and −0.12% in vitro and in vivo, respectively. assuming α is on the order of one tenth of β and can be ignored, the linear coefficient of sound speed change, β, is ~0.16%°c −1 and ~0.12%°c −1 for the phantom and met-1 tumors, respectively. To match the zero thermal strain with a zero temperature increase, the intercept of the regression lines was set to zero at both axes.
The accuracy of temperature mapping was demonstrated in in vitro experiments in which three thermocouples, Tc1, Tc2, and Tc3 were implanted as shown on the b-mode image (Fig. 10) , and the doppler cursor was placed on the middle thermocouple (Tc1) [ Fig. 10(a) ]. The estimated temperature map was overlaid on the bmode image, and the highest temperature appeared at the insonation focus with a temperature gradient measured [ Fig. 10(b) ] ranging from 22.7°c to 27.1°c. regions with dimensions of 0.97 mm (depth) by 2.31 mm (lateral) were selected on the temperature maps, corresponding to the Tc locations. For the Tc1 location, the estimated temperature by the thermal strain algorithm was 26.8°c, and the measured temperature by the thermocouple was 27.0°c. For Tc2 and Tc3 locations, the estimated temperatures were 24.9°c and 23.0°c, and the measured temperatures were 24.8°c and 23.0°c, respectively. Temperature errors for the three Tcs were −0.2°c, 0.1°c, and 0.0°c, respectively [ Fig. 10(c) ]. comparing the estimated with measured results in all in vitro groups, the temperature error had a standard deviation of 0.7°c. With identical settings to the in vitro studies, close agreement between thermocouple and thermal strain temperature estimates was also observed for in vivo studies ( Fig. 11 and Table I ). an area of dimensions of 0.97 mm (depth) by 2.31 mm (lateral) was selected and the mean value was calculated as the estimated temperature. Temperature estimation algorithms with and without motion correction were executed and compared (Table I) . The temperature distribution maps were windowed based on tumor boundaries before overlaying. Wider temperature distribution was observed to correspond to a higher temperature increase at the insonation focus. For in vivo studies in which the ambient tissue temperature was 37°c, when 1.8, 3.3, and 5.2°c increases were predicted, temperatures spanning 37.5 to 40.5°c, 37.6 to 40.6°c, and 37.3 to 43.2°c were measured, respectively.
IV. discussion and conclusion
In this study, a speckle tracking-based temperature estimation algorithm was shown to be useful for temperature monitoring during hyperthermia. a dual-frequency transducer was used to generate high-resolution maps of thermal strain resulting from mild hyperthermia. This transducer is capable of interleaved therapy and imaging and enables the use of a lower frequency for therapy compared with the higher resolution and higher frequency used during imaging. The array that was employed here was designed for application in breast and head and neck tumors, where tumor depths on the order of centimeters are anticipated; lowering the imaging center frequency would enable additional applications in liver and kidney lesions. The maximum output power, ~4 W, was sufficient to elevate 5 × 5 × 5 mm tissue volume by 5°c or more for mild hyperthermia. The mI was below 1.9 and therefore cavita- tion was not anticipated. cavitation was not detected in this study or similar studies with these parameters. such dual-frequency transducers are not widely available; further development could facilitate image-guided therapy. In addition, the operating mode of the ultrasound system was modified to integrate imaging and therapy insonation by interleaving pulses. Here again, typical ultrasound-guided therapy is accomplished by combining an imaging system with a therapeutic transducer and pulser, complicating the development of integrated image and therapy modes. The development of combined systems and dissemination of software and systems would facilitate development. our study showed that combining a 2-d speckle tracking algorithm, a motion correction function, and customized filters facilitates precise temperature estimation. The standard deviation of the error in temperature estimation in the in vitro and in vivo studies was 0.7°c and 0.8°c, respectively. a multi-step process was required and thresholds were evaluated for the echo power, displacement, and thermal strain. The motion correction algorithm improved the accuracy of estimation, and thus is a crucial component of the technique.
In this study, image processing operators were applied with dimensions typically on the order of the resolution cell. motion correction requires a relatively large region of interest; here, severe physiologic motion was minimized by the 4.5 × 4.5 mm roI . The size of the sobel operator (2.3λ) and low-pass imaging filter were next selected as slightly larger than the effective therapeutic beam width; larger operators did not significantly alter the resulting map and smaller operators increased the variance. The apparent displacement calculation was similarly chosen to be slightly greater than the speckle dimensions at the imaging frequency (2.3λ). Finally, we found that processing the apparent displacement map with a median filter before the sobel operation further reduced the variance, where the median filter (4.6λ) was effective when the dimension was greater than that of the displacement operator.
The original acquisition frame rate of rF data at ~1.5 Hz was faster than required, where frame rates of 0.05 to 0.2 and 0.02 to 0.6 Hz were required in vitro and in vivo, respectively. after 10× and 5× downsampling of the frames, the equivalent frame rates were ~0.15 Hz and ~0.3 Hz for in vitro and in vivo, respectively. oversampling was useful for in vivo studies in that frames with significant motion artifact could be eliminated from the data set without penalty if motion correction was unsuccessful.
When mapping ultrasound-induced hyperthermia with thermocouples, artifacts have been reported [36] in which the measured temperature is typically higher than the true temperature. Thermocouples encased in steel needles have minimal or negligible temperature artifacts in ultrasound thermometry. Waterman et al. used a 23-gauge needle microprobe, a beef phantom, and 1 and 3 mHz, 10 to 50 W continuous wave (cW) ultrasound for temperature measurement; an artifact of 0.7 ± 0.1°c was reported [36] . Here, we used 30-gauge stainless-steel encasing needle-type thermocouples (HyP-1) for the temperature feedback control, and the heat capacity was one-fourth to onefifth of the 23-gauge probe. because our study combined periodic imaging during hyperthermia, the thermocouple artifact can be estimated from the temperature curve. during hyperthermia, therapeutic pulsing was generated at a desired PrF, and the detected temperature was a combination of the actual temperature rise and artifact. The artifact was quantified by interrupting the beam and measuring the temperature change. The measured artifact for the HyP-1 thermocouple was 0.08 ± 0.02°c in vitro and 0.04 ± 0.02°c in vivo.
real-time computing is the eventual goal for this study. based on our system structure, rF image frames can be exported to the Pc in real-time. a Pc equipped with acceleration hardware is capable of calculating temperature maps off-line and generating real-time temperature information in a selected roI. The temperature can then be fed into the PId system and the resulting control parameters delivered to the antares system through a dUI interface. Thus, real-time operation in future studies is feasible. references ultrasound systems. Following an appointment as an associate Professor in the department of biomedical Engineering at the University of Virginia, charlottesville, dr. Ferrara served as the founding chair of the department of biomedical Engineering at Uc davis, now a department of 24 faculty members. she is currently a Professor of biomedical Engineering at Uc davis with research interests in imaging and drug delivery. she is a fellow of the IEEE, the american association for the advancement of science, the biomedical Engineering society, the acoustical society of america, and the american Institute of medical and biological Engineering.
